Abstract. We present protoporphyrin IX (PpIX) fluorescence measurements acquired from patients presenting with superficial basal cell carcinoma during photodynamic therapy (PDT) treatment, facilitating in vivo photobleaching to be monitored. Monte Carlo (MC) simulations, taking into account photobleaching, are performed on a threedimensional cube grid, which represents the treatment geometry. Consequently, it is possible to determine the spatial and temporal changes to the origin of collected fluorescence and generated singlet oxygen. From our clinical results, an in vivo photobleaching dose constant, β of 5-aminolaevulinic acid-induced PpIX fluorescence is found to be 14 ± 1 J/cm 2 . Results from our MC simulations suggest that an increase from our typical administered treatment light dose of 75-150 J/cm 2 could increase the effective PDT treatment initially achieved at a depth of 2.7-3.3 mm in the tumor, respectively. Moreover, this increase reduces the surface PpIX fluorescence from 0.00012 to 0.000003 of the maximum value recorded before treatment. The recommendation of administrating a larger light dose, which advocates an increase in the treatment time after surface PpIX fluorescence has diminished, remains valid for different sets of optical properties and therefore should have a beneficial outcome on the total treatment effect. C 2011 Society of Photo-Optical Instrumentation Engineers (SPIE).
Introduction
Photodynamic therapy (PDT) is a multimodality cancer treatment available for the palliation or eradication of systemic and cutaneous malignancies. The administration of a photosensitizer followed by the irradiation of the target region of interest with light of an appropriate wavelength activates the photosensitiser. 1 The interaction between the excited photosensitizer and molecular oxygen can lead to the direct or indirect production of cytotoxic species such as radicals and singlet oxygen. 2 Singlet oxygen is believed to be the main cytotoxic agent involved in PDT in clinical practice. 3 PDT has been recognized as an effective treatment of nonmelanoma skin cancers (NMSCs); 4 however, further optimization for PDT treatment is required.
In the context of the clinical administration of PDT for dermatological conditions, the following quantities can be observed; the administered quantity of the exogenous photosensitizer prodrug, the time delay between this prodrug application and the onset of treatment, the wavelength of the incident light, and the light dose (in Joules per centimeters squared), which is used to describe light delivery during PDT and defined as the skin surface irradiance (in milliwatts per centimeters squared) multiplied by the treatment time (in seconds). 5 The work of Wilson et al. 6 has shown that by employing a technique such as implicit dosimetry, fluorescence photobleaching may be used as a dose metric. Photobleaching may be described as the reduction in optical absorbance and/or fluorescence as the photosensitizer is photochemically destroyed by light. 6 Fluorescence and photobleaching measurements can contribute significantly to the development of photodynamic therapy dosimetry. 7, 8 Robinson et al. 9 have suggested that a reduction in photosensitizer fluorescence caused by photobleaching is indicative of the photodynamic dose (PD) administered. It is therefore possible to monitor, via photosensitizer fluorescence measurements, the amount of drug in the tissue that has photobleached during PDT and relate it to the PD. 10 Optical fluorescence spectroscopy offers rapid diagnostic information by using light-tissue interactions. 11 It is used for the early detection of cancerous and precancerous lesions and monitoring of PDT treatments. The interactions of light with biological tissue causes light absorption and scattering as the photons propagate through the tissue. The light-tissue interactions of absorption are attributed to melanin and hemoglobin concentration, while lipids and collagen are responsible for optical scattering in the tissue.
In order to fully optimize clinical PDT treatments, new approaches must be taken to model the process, which, as well as taking into account the photochemical behavior discussed above, also take into account the propagation of both the treatment wavelengths and the subsequent fluorescence wavelengths used for monitoring within tissue. One approach is to use radiation transfer simulations. Monte Carlo (MC) radiation transfer (MCRT) modeling is a technique that solves the transfer equation using the probabilistic nature of photon interactions and has been used to simulate many such interactions, which have previously been modeled by several approximations, including the seven flux model 13 and the diffusion approximation. 14 It may be efficiently implemented without approximating the angular distribution of light, tissue geometry, and optical properties. 15 Furthermore, the MC technique provides accurate results for highly absorbing media at positions close to the surface and can handle the highly forward directed light-scattering characteristics of tissue. 12, 16 In this study, in vivo 5-aminolaevulinic acid (5-ALA)-induced PpIX fluorescence measurements have been recorded during clinical topical photodynamic therapy (T-PDT) in humans from the surface of superficial Basal Cell Carcinomas (sBCC). Using this diagnostic, a photobleaching dose constant, β, of 5-ALA-induced PpIX fluorescence was obtained for patients presenting with sBCC. These results were then incorporated into a three-dimensional (3-D) MC model that enabled predictions to be made about the efficacy of treatment in PDT. In particular, we have used our model to address the important question of how long after surface PpIX fluorescence has diminished the PDT treatment is still effective and to what depths below the surface is effective treatment provided. To more accurately represent clinical T-PDT, in this paper we consider a model with a tumor of finite size embedded and surrounded in normal tissue and subjected to a finite uniform superficial irradiation. To the best of our knowledge, we believe that this is the first time that data obtained directly from clinical PDT treatments has been combined with a 3-D MC model to enable modeling of a fully 3-D tumor phantom of finite size embedded in normal tissue.
Materials and Methods

Clinical Topical Photodynamic Therapy Treatment
PDT treatments were carried out at Ninewells Hospital and Medical School in Dundee, Scotland, United Kingdom, using the photosensitizer prodrug, 5-ALA. Formal consent was obtained from the patients before the study was undertaken. T-PDT was preformed using either of two light-emitting diode (LED) light sources, Aktilite CL16 and CL128 (PhotoCure ASA, Oslo, Norway). These commercial devices have identical spectra, where the peak irradiance occurs at a wavelength of 632 nm with a full width at half maximum of 19 nm. Both light sources were calibrated and traceable to national measurement standards. 17 Typical treatment times and skin surface irradiances are in the region of 15 min and 80 mW/cm 2 , respectively. At our centre, a total treatment light dose (LD) of 75 J/cm 2 is administered during T-PDT. 5-ALA was topically applied to the lesional area. Following a 6-h incubation period; one skin lesion per patient was treated.
Clinical Fluorescence Measurements from Superficial Basal Cell Carcinomas
PpIX is naturally occurring and present in small quantities in cells. Uptake and conversion of 5-ALA to PpIX in diseased tissue leads to increased levels of PpIX in lesions. When PpIX is excited with light at a wavelength of ∼405 nm, characteristic fluorescence is induced with a readily observable peak at ∼635 nm. A high fluorescence ratio of tumor to surrounding tissue allows for demarcation of the tumor. In our study, fluorescence spectra were acquired using a custom-built optical biopsy system (University of Glasgow, Glasgow, United Kingdom) formed by a fiber-coupled fluorescence spectroscopy system. 18 The output from an LED emitting at 405 nm was coupled to a 400 μm core optical fiber probe used for both excitation and collection of fluorescent emission. PpIX fluorescence was induced in the skin, and spectra were recorded by placing the probe perpendicularly in contact with the tissue. From each individual lesion, eight fluorescence spectra were recorded before 5-ALA application, immediately before treatment, approximately halfway through treatment, and immediately after treatment. The mean spectrum was then calculated from each set of eight spectra for each lesion. Treatment was stopped briefly for ∼1 min to allow for the halfway measurements to be carried out. All measurements were performed in a darkened room to minimize artifacts from ambient room light.
Description and Validation of the Monte Carlo Radiation Transfer Code
A fixed weight MCRT code was written and developed in FOR-TRAN 77 to simulate the scattering, absorption, fluorescence, and photobleaching processes present in T-PDT. It was possible to account for the generation and propagation of excitation photons, and of fluorescence photons emanating from a tumor embedded in normal skin tissue. We have also incorporated an algorithm in the code to determine the production of singlet oxygen in the tumor. Although other MC simulations of photon transport and fluorescence have been performed in multilayered tissues, 19, 20 our 3-D MC code can calculate light distributions for a clinical T-PDT geometry where a tumor is embedded in normal skin tissue. Earlier studies have used this type of geometry to model the distribution of light within a tumor. 21, 22 Our code, however, also incorporates different optical properties for normal and tumor tissue and the addition of a photosensitizer, namely, PpIX into the tumor. Furthermore, photobleaching has also been included. This enables the efficacy of T-PDT to be investigated.
Within our code, μ a and μ s are the tissue-absorption and -scattering coefficients, which can be varied depending on the depth within our phantom, and g is the scattering anisotropy factor. The Henyey-Greenstein phase function 23 is adopted to approximate scattering in tissue and is mathematically expressed in the form
where P(θ ) is a probability density function and θ is the scattering angle in radians, which the photon is scattered through with respect to the incident direction. g is defined as
where
g affects the angular distribution and, therefore, the amount of forward direction maintained by the photon. At each interaction site, the probability of a photon being scattered or absorbed was determined by the albedo a, where a larger value of a corresponds to a more highly scattering environment. Our model is based on a 3-D cube-shaped geometry [24] [25] [26] and removes the assumption of an optically semi-infinite tissue volume. To achieve statistical significance, simulations were performed with 10 8 photons, on a 3-D Cartesian-grid geometry, as illustrated in Fig. 1 . The tumor was placed at the surface of the skin. The total dimensions of the cube were taken to be 20 × 20 × 20 mm (x, y, z), and the modeled tumor had a radius of 5 mm and penetrated 4 mm into the cube. In our simplified situation, the tumor was represented by a cylinder and placed at the center of the normal skin tissue, which was represented by a cube. Our 3-D representation provides a reasonably accurate analog to the situation present in clinical T-PDT, where both the tumor and some of the surrounding normal skin tissue are superficially irradiated by a finite beam.
The Monte Carlo code was validated by comparing a range of simulations to the results generated by Keijzer et al., 16 where light distributions in artery tissue were examined. For example, using a collimated incident-beam diameter of 1 mm, the fluence rates recorded from our simulations at the surface and at a depth of 0.5 and 1 mm into the tissue were 1.8, 0.55, and 0.11 W/cm 2 , respectively. These results are comparable to those obtained by Keijzer et al. 16 
Monte Carlo Model Assumptions
With clinical T-PDT in mind, it was necessary to make some assumptions in our model. We have assumed mismatched boundary conditions, and in a similar method to Farrell et al., 10 that the tumor had a homogeneous distribution of PpIX. The fluence rate distribution decays with tissue depth. Photobleaching alters the spatial distribution of PpIX in the tissue. The top layers experience the highest fluence rate and therefore photobleach faster. 10 We have assumed that the PpIX concentration has a negligible effect on the absorption coefficient of the tissue, therefore, resulting in a time-independent fluence-rate distribution. 27 PpIX photobleaching was assumed to follow a first-order exponential decay, 27 where the PpIX concentration, C(x, y, z, t) decreased at a rate proportional to the local fluence rate, (x, y, z), as is shown in
where β is the photobleaching dose constant (in Joules per centimeters squared), z represents the depth into the tissue, and t s the treatment time point. The dosimetric parameter, namely, the PD, is defined as the number of photons absorbed by the photosensitizer per unit volume of tumor tissue and is assumed to be proportional to the local yield of singlet oxygen production. 10 A threshold photodynamic dose (PD T ), leads to tissue necrosis if the number of photons absorbed by the photosensitizer per unit volume of tumor tissue exceeds a certain value. A threshold value of approximately 8.6 × 10 17 photons/cm 3 absorbed by a porphyrin photosensitizer in tumors was used. 28 Again, following the work of Farrell et al., 10 we assumed that the local yield of singlet oxygen production following absorption by the photosensitizer defined the PD and tissue necrosis was assumed to occur when PD > PD T . The PD is directly related to the photosensitizer concentration and the light fluence rate, as is shown in
where γ 0 is the constant quantum yield for singlet oxygen production when the photodynamic therapy process was not limited by the availability of oxygen concentration. 10 
Application of the Monte Carlo Model to Clinical Photodynamic Therapy
On the basis of our assumptions, we modeled a clinical situation, i.e., the treatment itself and the fluorescence measurements undertaken during treatment requiring two different sets of simulations to be undertaken. The former consisted of simulations where the singlet oxygen produced in the tumor was modeled as a function of depth and time, whereas the latter included modeling the PpIX fluorescence detected at particular time points in the treatment. In this way, our model could provide information about both the fluorescence information used as a diagnostic and the possibility of tumor cell kill. We sampled the fluorescence emission in the code from clinically measured 5-ALA-induced PpIX fluorescence spectral data. This approach is different from other models, where only excitation and fluorescence emission wavelengths have been used rather than full spectral data. 27, 29 Figure 2 depicts the optical properties used in the Monte Carlo simulations, which were taken from data published in the literature. [30] [31] [32] Figure 3 illustrates our absorption coefficient for PpIX as a function of wavelength. A stock solution of PpIX in dimethylsulfoxide was produced with a concentration of 45 μg/ml. The solution was then placed in a cuvette, where a spectrophotometer (Hitachi Spectrophotometer U-3010) was used to measure the optical absorbance and the absorption coefficient for PpIX was determined to be 0.06 cm − 1 at 630 nm, using an extinction coefficient for PpIX, ε 630 nm = 0.0014 μg/ml − 1 cm − 1 . This is within the range of values published in the literature. For the PDT treatment simulations, we based the inputs for our model on the well-established treatment parameters used in the Scottish Photodynamic Therapy Centre, Ninewells Hospital & Medical School, Dundee. The entire top surface of the cube was irradiated uniformly, at the treatment wavelength of 632 nm. A surface irradiance, 0 , of 82 mW/cm 2 was delivered over a simulated treatment time of ∼30 min, thus administrating a simulated total treatment LD of 150 J/cm 2 . The photons propagated through the normal skin and tumor using the scattering and absorption coefficient values at this wavelength. After photon absorption in the tissue, the amount of energy deposited was calculated. The energy absorbed in the tumor was determined at each time step, corresponding to increments of 40 s. On the basis of our assumptions of the PD, it was possible to infer the 3-D distribution of photons and, hence, 3-D distribution of singlet oxygen production in the tumor as a function of LD.
For the PDT fluorescence simulations, PpIX fluorescence photons were induced at specific stages during the PDT treatment simulations. The entire top surface of the cube and cylinder was irradiated uniformly at the fluorescence excitation wavelength of 400 nm. Fluorescence photons that exited the top surface were tracked from their place of origin, and it was then possible to know exactly where they came from inside the tumor. After each PDT treatment simulation was carried out, the PDT fluorescence simulation followed immediately afterward. In other words, the two simulations were run simultaneously for given time steps (i.e., every 40 to ∼1800 s). In this manner, PpIX fluorescence was detected in the tumor as a function of depth and LD in the presence of photobleaching.
Results
In vivo 5-Aminolaevulinic Acid-Induced
Protoporphyrin IX Fluorescence Spectra Figure 4 illustrates the mean fluorescence of the eight spectra from each of the six patients before the application of the 5-ALA cream. Figure 5 presents PpIX fluorescence spectra noninvasively measured in six different patients as a function of time during treatment. Note that in both sets of figures, the overall mean of all six patients is highlighted by a thick solid line. As depicted by Fig. 4(a) , collected peak autofluorescence signals of ∼500 nm are highly variable between patients. Collected PpIX fluorescence signals of ∼635 nm can also vary between patients, as illustrated in Fig. 4(b) . Figure 5 illustrates that, after topical application of 5-ALA, there is a wide variability seen in the collected PpIX fluorescence signals among the six patients examined at each time point of treatment. Each baseline fluorescence spectrum measurement was subtracted from their corresponding fluorescence spectrum measurement at the three different time points of treatment (i.e., before, halfway through and after treatment).
Photobleaching Observed during Clinical Photodynamic Therapy
In vivo photobleaching was monitored through the use of the clinical patient sBCC fluorescence data collected and discussed above. Figure 6 (a) depicts the mean PpIX fluorescence intensity from the six patients at the time points of treatment. As expected, this decreases from the outset to the end of treatment and illustrates how the peak PpIX fluorescence reduces as treatment progresses and photobleaching occurs. For each patient, the PpIX fluorescence intensity values recorded at ∼635 nm were normalized to each of their individual maximum PpIX fluorescence intensity value. Each point, therefore, in Fig. 6 (b) represents normalized PpIX fluorescence intensity values recorded at ∼635 nm from patients at particular time points during their respective treatment times. Assuming photobleaching follows a single exponential decay curve, a time constant, τ , of 172 s represents the best fit to the data presented in Fig. 6(b) . The photobleaching dose constant, β, was then calculated according to Eq. (5). At a mean surface irradiance, ( 0 ), of 82 mW/cm 2 , a mean value of β = 14 J/cm 2 with an associated standard deviation of 1 J/cm 2 was obtained.
In the literature, a range of values of β has been provided (1.8-33 J/cm 2 ) in various studies. 9, 10, 27, 33 Such a wide variation in the value of β may arise from a range of factors, including the time between administration of the drug to treatment beginning, the fluence rate used for illumination, the type of animal system investigated, and the type of tumor being treated. In our case, this value was derived from clinically obtained data for human patients presenting with sBCC.
Monte Carlo Predictions of Protoporphyrin IX Fluorescence Originating in a Tumor
As illustrated in Fig. 7(a) , PpIX fluorescence photons generated at deeper tumor depths have a lower probability of escape from the tumor than PpIX fluorescence photons generated at shallower tumor depths. When the treatment simulation progressed and photobleaching increased, the PpIX fluorescence emitted from the surface of the tumor decreased and more PpIX fluorescence that originated from deeper within the tumor was observed at the surface. Initially, fluorescence detected at the surface decreased rapidly with depth. As treatment progressed, the fluorescence detected from photons near the surface decreased. In order to compare our model, which used clinical data reported in the present paper, to clinical data reported by Cottrell et al., 34 results were reanalyzed using excitation and emission wavelengths of 632 and 705 nm, respectively [ Fig. 8(a) ]. Our simulated normalized PpIX fluorescence curve-which corresponds to 82 mW/cm 2 -was compared to two other fluence rates, namely, 150 and 60 mW/cm 2 , taken from the clinical data for sBCC reported by Cottrell et al. 34 In the MC model, we used our clinically determined photobleaching dose constant, β, of 14 J/cm 2 and found that our simulated PpIX fluorescence data were in close agreement with the clinical data of Cottrell et al. 34 up to a fluence of ∼8 J/cm 2 . Our simulated normalized PpIX fluorescence signal then decreased below the clinical normalized PpIX fluorescence signal corresponding to 60 mW/cm 2 . Figure 8 (b) is an extension of Fig. 8(a) and illustrates how the normalized PpIX fluorescence continues to decrease up to 150 J/cm 2 . At this point we found that a small quantity of PpIX fluorescence was still evident in the tumor. The data in both these graphs use the logarithmic y-axis to display the normalized PpIX fluorescence more clearly. Interestingly, Cottrell et al. 34 illustrated that PpIX fluorescence was still present up to a fluence of 200 J/cm 2 , when treated with 150 mW/cm 2 , suggesting that photobleaching may still be occurring.
Monte Carlo Simulations of Singlet Oxygen Produced in a Tumor
In addition to the PpIX fluorescence detected, singlet oxygen produced at depths in the tumor was also modeled at each time step. At LD = 0 J/cm 2 (t = 0 s)-in other words, before photobleaching-a large quantity of singlet oxygen was evident, particularly at the surface of the tumor. As treatment progressed, the superficial layers of the tumor became photobleached and less singlet oxygen was produced in these layers. When the treatment continued further, a larger quantity of singlet oxygen could be seen to be produced deeper within the tumor than at the surface. This became more apparent during the latter stages of the treatment simulation. The majority of the PD occurs early on in PDT treatments and reduces as the treatment progresses. However, there is still a small but potentially useful quantity of singlet oxygen produced with an increasing LD in deeper layers of the tumor as shown in Table 1 . This singlet oxygen produced is expressed as a fraction of the maximum singlet oxygen produced at the surface of the tumor, z = 0, and at the treatment light dose, LD = 0 J/cm 2 , denoted as, S O LD = 0,z = 0 and equal to 5.79 × 10 17 photons/cm 3 . The singlet oxygen produced at all time points of the treatment simulation was then added together to obtain the singlet oxygen produced in a tumor over the entire treatment simulation as a function of tumor depth and LD. This is shown in Fig. 9(a) . The horizontal line indicates the necrosis threshold photodynamic dose, PD T , assumed to be 8.6 × 10 17 photons/cm 3 absorbed by the photosensitizer per unit volume of tissue. 30 Therefore, we found that the maximum depth achieved of singlet oxygen produced in the tumor after administrating a total treatment LD of 37.5, 75, 112.5, and 150 J/cm 2 was 2.0, 2.7, 3.0, and 3.3 mm, respectively. This is illustrated in Fig. 9(b) . PDT with red light is an effective treatment for nonmelanoma skin cancers with a thickness of 1-3 mm. The results here are in good agreement with those quoted in the literature.
4, 35
Effects of Optical Properties
The results presented in Figs. 7-9 are based on optical properties described by Salomatina et al., 30 derived from nonmelanoma human skin cancer in vitro. These optical Table 1 Singlet oxygen produced at varying depths in the tumor at specific time points in the treatment simulation as a fraction of the maximum singlet oxygen produced at the tumor surface. properties appear to be well suited for the present study and thus were incorporated in the MC model. Further simulations were performed to investigate how the collected PpIX fluorescence signal and the generated singlet oxygen changed with different optical properties. These optical propertiesused to represent tumor optical properties-were derived from human skin tissue in vitro, sourced from two independent studies and cover a wide spectral range, which is of interest to us.
31, 32
Figures 2(a) and 2(b) depict the curves of the optical properties used to produce Fig. 9 . The scattering anisotropy factor, g, was taken as 0.8 when using the optical properties derived by Salomatina et al. 30 and 0.9 when using the optical properties derived by both Bashkatov et al. 31 and Chan et al. 32 Bashkatov et al. 31 had the lowest absorption coefficients and highest scattering coefficients as a function of wavelength for the three optical property sets. Furthermore, Chan et al. 32 had the highest absorption coefficients as a function of wavelength. Figure 10 illustrates how different sets of optical properties affected the absolute value of the collected PpIX fluorescence signal, while Figs. 10(b) and 10(c) represent there effect on the generated singlet oxygen. 31, 32 The photobleaching dose constant, β, was fixed at 14 J/cm 2 for all the simulations when considering different sets of optical properties as inputs for the model. In light of this, optical property variations could explain the differences in the empirical PpIX fluorescence spectra recorded from the six patients presented in Fig. 5. 
Discussion
We employed the PDT implicit dosimetry model, which uses fluorescence photobleaching kinetics of a photosensitizer as a dose metric. 6 Noninvasive monitoring of the in vivo PpIX fluorescence signal collected during clinical T-PDT enabled the prediction of singlet oxygen generation from which the PD in a tumor can be inferred. The empirical data showed a reduction in the detected PpIX fluorescence that was used as an indicator of in vivo PpIX photobleaching. From our clinical results an in vivo photobleaching dose constant, β, of 5-ALA-induced PpIX fluorescence was found to be 14 ± 1 J/cm 2 . We have shown that the majority of the PpIX fluorescence signal has disappeared halfway during treatment, is no longer visible to the naked eye, and is again further reduced albeit to a lesser extent at the end of treatment. Similar clinical findings have been reported by Hewett et al., 36 where they point out that there was a discernible reduction in PpIX fluorescence after only 100 s (dose = 12 J/cm 2 ). Furthermore, they state that the 630-nm fluorescence was reduced to the surrounding tissue background level by 300 s into the treatment. Ericson et al. 33 reported a high rate of photobleaching up to a cumulative light dose of 10 J/cm 2 . Our 3-D MC model provides a qualitative description of both the collected PpIX fluorescence signal and the generated singlet oxygen. MC simulations taking into account photobleaching were performed in an attempt to determine the spatial and temporal changes to the origin of collected PpIX fluorescence and generated singlet oxygen with increasing LD and at varying depths in the tumor. This MC model has been designed to mimic both the clinical situation under investigation and the procedure by which treatment and in situ monitoring take place. It is capable of simulating entire PpIX fluorescence spectra and enabled us to examine further clinical observations and investigate the inherent, complex nature of T-PDT. Following a similar route to those present in the literature, a range of assumptions have been made to enable our investigation of the PpIX fluorescence detected and the singlet oxygen generated during a PDT treatment (Sec. 2.4).
During PDT treatment, the photosensitizer near the surface photobleaches and, therefore, the PpIX fluorescence detected at greater depths contributes more to the surface fluorescence signals detected [ Fig. 7(a) ]. − 6 , respectively. Nonetheless, a small but potentially useful quantity of singlet oxygen was still being produced at depth within the tumor as shown in Table 1 .
A potential limitation to the model is the fact that oxygen concentration is constant, and it is assumed that availability of oxygen does not compromise the effectiveness of treatment. It has been reported that oxygenation may be maintained during light illumination, particularly if low fluence rates are used. 37 However, recent studies have reported that β is not constant and is varying both temporally and spatially within the tissue. 34, 38 These studies observed fluence rate-dependent photobleaching kinetics that were attributable to oxygen supply to the treated tissue. This is particularly true when using different fluence rates.
We acknowledge from Fig. 8(a) that in order to reproduce the clinical data of Cottrell et al. 34 more accurately, β would need to increase with time-essentially slowing the photobleaching rate as a function of time and fluence-which is presumably due to decreased oxygen levels as the treatment progresses. This suggests that β may not be constant for a constant fluence rate. However, it is difficult to ascertain how β would change after 12 J/cm 2 . Therefore, in order to change β accurately as a function of fluence, it is necessary to have comprehensive clinical data, with a large sample size of patients, which extends up to at least 150 J/cm 2 . Moreover, in our model we have sought to represent the situation that pertains within most PDT clinics (i.e., excitation at 405 nm for fluorescence induction and treatment at 632 nm). However, Cottrell et al. 34 used different parameters. More detailed studies of fluorescence and/or oxygen measurements in vivo are necessary to ascertain how oxygen changes as a function of fluence during treatment. Tumor oxygenation and the change thereof during PDT with systemically administered Photofrin R has been studied by Henderson et al. 39 However, lack of wellestablished real-time oxygen measurements recorded in vivo during ALA-PDT of sBCC makes it difficult to ascertain how oxygen changes during treatment. Furthermore, the determination of β could be further complicated in vivo by variations in the vascularization of the tumor, skin temperature, tissue optical properties, and the spatial distribution of the photosensitizer. We have used a constant β because this fits the clinical data that were derived in this study. There is certainly a need for more clinical PpIX fluorescence data, such as that published by Cottrell et al., 34 and our results highlight this. In line with previous work carried out by Farrell et al. 10 we assumed a constant β, implying that the tumor was fully oxygenated for the duration of the treatment, which had no limiting effects on the production of singlet oxygen.
Data from clinical ALA-PDT treatments reported by our own group in tumor tissue 40 show a similar time course to that reported by Cottrell et al., 34 namely, a rapid initial photobleaching followed by a slowly decaying fluorescence level as treatments progressed. The slower rate of photobleaching could be due to oxygen, as mentioned above, and/or due to a spatially inhomogeneous PpIX concentration in the tumor, as suggested by Kruijt et al. 41 in rat esophagus. However, it has been shown that photobleaching in vivo can be depth dependent; as the photobleaching at the surface is completed, the fluorescence decays at a slower rate due to detection of fluorescence emission from deeper layers. 29 It has been reported by other groups that ALA penetration depths may range between 2 and 5 mm. [42] [43] [44] We have therefore assumed a homogeneous distribution of PpIX in our modeled tumor, with a thickness of 4 mm, which is within this reported range. We acknowledge that the depth-dependent concentration of PpIX together with delivered fluence is important in PDT dosimetry. It has been reported in the past that increasing the uptake of ALA penetration by deep BCC lesions could be improved by prolonging the topical application time. 45 This could potentially allow for a more homogeneous distribution of PpIX within the tumor. We have sought to investigate the issue of delivered fluence to the tumor. Therefore, we believe that an opportunity exists to optimize PDT regimes for deep BCC by delivering a larger treatment light dose to the tumor.
Monitoring the change in the surface photosensitizer fluorescence signals during PDT due to photobleaching may be used to predict the depth of necrosis. 10, 46 The PD T is illustrated in Fig. 9 by the horizontal lines. Therefore, the depth of necrosis based on the generation of singlet oxygen in the tumor was found to be 2.0, 2.7, 3.0, and 3.3 mm after an administered LD of 37.5, 75, 112.5, and 150 J/cm 2 [ Fig. 9(b) ], for an adopted specific set of optical properties. To the best of our knowledge, the optical properties we have used in Fig. 9 are the most comprehensive to date representing nonmelanoma skin cancers. These results suggest that an increase from our typical administered treatment light dose of 75-150 J/cm 2 could increase the effective PDT treatment initially achieved at a depth of 2.7-3.3 mm in the tumor, respectively. Furthermore, this increase reduced the surface PpIX fluorescence from 1.2 × 10 − 4 to 3 × 10 − 6 of P F t=0 . Oseroff et al. 47 previously suggested the need for a treatment light dose of at least 100 J/cm 2 at 635 nm. It is well known that the effect of tissue optical properties can affect the collected fluorescence signal. 15 Therefore, we need to be cautious in our interpretation of the empirical fluorescence data. Optical property effects may be responsible for the observed variations in the collected PpIX fluorescence signals between the patients presented in Fig. 5 . Correct interpretation of the photobleaching data (Fig. 6.) requires that the empirical PpIX fluorescence data have been corrected for changes in optical properties. MC simulations were performed using a range of optical properties from the literature. The results presented in Fig. 10 indicate that changing the optical properties affected the absolute value of the collected PpIX fluorescence signal and the generated singlet oxygen. This, in turn, impacted on the penetration of light and, hence, the PD administered to the tumor. However, the recommendation of administrating a larger light dose, which advocates an increase in the treatment time after surface PpIX fluorescence has diminished, remained valid for different sets of optical properties and therefore should have a beneficial outcome on the total treatment effect.
This MC model can be considered as a reasonable approach to establishing tailored optimal treatment regimes for clinical T-PDT based on in vivo PpIX fluorescence measurements recorded from patients presenting with sBCC. We have demonstrated a relationship between surface PpIX fluorescence and the PD at varying depths in a tumor and at different LD administered during a simulated PDT treatment, in the presence of photobleaching. In light of the results presented in this paper, we suggest that an increase in the treatment light dose beyond the disappearance of surface PpIX fluorescence may continue to provide effective PDT treatment at depth within tumors. This increase in the time of light administration may ultimately assist in optimizing PDT treatment regimes. If patients were treated for longer, this could potentially eliminate remnants of the lesion deeper down in the skin tissue, eradicating residual disease and reducing recurrance rates. Administrating a larger treatment light dose means increasing the treatment time, and this may have a negative impact on patients, particularly those who experience severe pain during treatment. Pain can be a limiting factor to successful PDT. 48 However, it has been shown that PDT pain is higher, initially, and decreases during treatment. 33 Failure to deliver effective PDT treatments impacts the welfare of patients and their quality of life. Follow-up in PDT clinics are critically important, and decisions are facilitated pending the outcome of these assessments. Ultimately, if longer treatment times were advocated, it may be possible to achieve highly successful longterm clinical outcomes, while saving time, money, and hospital resources.
